Interstitial thermal therapy is a minimally invasive treatment modality that has been used clinically for ablating both primary and secondary brain tumors. Here a multi-element interstitial ultrasound applicator is described that allows for increased spatial control during thermal ablation of tumors as compared to existing clinical devices. The device consists of an array of 56 ultrasound elements operating at 6 MHz, oriented on the seven faces of a 3.2 mm flexible catheter. The device was first characterized using the acoustic holography method to examine the functioning of the array. Then experiments were performed to measure heating in tissue-mimicking gel phantoms and ex vivo tissue samples using magnetic resonance imaging-based thermometry. Experimental measurements were compared with results obtained using numerical simulations. Last, simulations were performed to study the feasibility of using the device for thermal ablation in the brain. Experimental results show that the device can be used to induce a temperature rise of greater than 20 C in ex vivo tissue samples and numerical simulations further demonstrate that tumors with diameters of greater than 30-mm could potentially be treated.
I. INTRODUCTION
Thermal therapy is a treatment option for patients with brain tumors that has been investigated in recent clinical trials for those who fail or who are ineligible for conventional treatments (i.e., surgical resection, radiotherapy, and chemotherapy). Interstitial devices that use radiofrequency 1 or lasers [2] [3] [4] [5] [6] and extracorporeal ultrasound devices 7 have been developed and used to locally raise the temperature in brain tumors to greater than 60 C to induce either partial or complete necrosis of the malignant tissue volume.
Among the various techniques for performing thermal ablation in the brain, laser interstitial thermal therapy (LITT) has been the mostly widely used in recent clinical studies. 2, 3, 6 LITT is performed by first drilling a 5-10 mm burr hole in the skull followed by stereotactic implantation of a 2-3 mm diameter laser applicator into the center of the tumor to be treated. 8 After insertion of the laser fiber, the patient is placed within a magnetic resonance imaging (MRI) scanner, where real-time temperature mapping is performed during laser heating and used to predict cell death. 9 Tumors with sizes of 9-25 mm in diameter have been treated with this technique by heating with laser applicators for durations of 2-10 min. 2 Although LITT has been shown to be a promising treatment option for many patients, current devices have a limited ability to fully treat many tumor geometries. LITT applicators typically use a laser source with a diffusing fiber tip that has a spherical or ellipsoidal distribution of heating. 2 For tumor geometries that do not conform well with this heating pattern, the surgeon must either manually translate the laser fiber, perform multiple insertions of the device into the tumor, 4 or be limited to performing partial treatments of the affected region. 6 To overcome these limitations, there are several different technologies in development to perform thermal ablation in the brain with increased spatial control. For example, a focused laser system has been developed with a small region of heating that can be mechanically steered over the treatment volume to achieve conformal ablation. 4, 5 Although this device allows for increased spatial control, the reported treatment times are long (on the order of several hours) as the device must be scanned slowly over the entire tumor volume.
Another approach that is in development is the use of transcranial focused ultrasound. 7, 10, 11 This approach uses large hemispherical ultrasound arrays consisting of hundreds to thousands of individual ultrasound elements and allows for heating in the brain without requiring surgical opening of the skull. Although promising, there have not yet been any reports of successful brain tumor treatments in patients. 11 In this work, our goal was to develop a heating device that uses an interstitial approach with an ultrasound-based applicator. Various designs of miniature therapeutic ultrasound transducers have been proposed for performing thermal ablation via endovascular, 12 interstitial, 13, 14 and transesophageal 15 access for treatments in the heart, 14 liver, 16, 17 brain, 12, 18 and other organs. These devices have diameters ranging from 3 to 10 mm and operate at frequencies of 3-10 MHz. Interstitial therapeutic ultrasound applicators in particular have been built and tested using a variety of designs by several different groups and include single-element 19, 20 and multi-element designs with planar [21] [22] [23] [24] and cylindrical 18, 25 elements. While multi-element interstitial ultrasound applicators have been demonstrated previously, they have typically used an MR-compatible rotational system for performing ablation of a full three-dimensional tissue volume 23 or lack the ability to control heating along the axis of the probe. 18, 26 In this work, an applicator was designed to avoid mechanical translation and rotation while allowing for the possibility to control heating both along the applicator axis and in the plane perpendicular to the applicator. To achieve this goal, a device with 56 planar ultrasound elements oriented on a multifaceted catheter was constructed and tested. Experimental measurements and numerical simulations were further used to investigate the feasibility of using this new device design to perform thermal ablation in the brain.
II. MATERIALS AND METHODS
The multi-element interstitial ultrasound device was first characterized acoustically. The acoustic holography method was used to reconstruct the source vibration to characterize the acoustic output of the device. Next, numerical simulations were performed of the acoustic and thermal field and compared with experimental results of heating in gel phantoms and ex vivo brain tissue samples using MR thermometry. Finally, the numerical model was used to simulate the expected characteristics of in vivo heating with the device.
A. Ultrasound device
The prototype ultrasound device, shown in Fig. 1(a) , consisted of an array of 56 piezocomposite ultrasound elements, each 1 mm Â 1 mm, oriented on a 3.2 mm semiflexible support, and operated at 6 MHz (Imasonic, Voray sur l'Ognon, France). The elements were arranged with eight elements on each face of a heptagon with a gap of 0.25 mm between each element. The center of the transducer had a 1 mm diameter center channel that was used for circulating degassed, room temperature (20 C) water for actively cooling the piezocomposite ultrasound elements. Water entered the central channel of the transducer support, exited at the tip, and recirculated back over the front faces of the elements through the external cooling sheath that is shown in Fig.  1(b) . The cooling sheath had an outer diameter of 4.8 mm and was constructed from a 130-lm thick polyimide tube (Dixi Microtechniques, Besançon, France). The flow for the cooling circuit was driven by a peristaltic pump (MasterFlex, Cole Parmer Instruments, Chicago, IL) at a flow rate of 40 ml/min.
Two different prototypes were constructed that consisted in essentially the design described in the preceding text but with a partially functioning version with fewer elements followed by a fully functioning version. The first prototype had only three active faces (24 elements), and a subsequent prototype had all seven faces (56 elements) active. The element size, spacing, frequency, and mechanical design were identical in both versions. The three-face prototype was used in preliminary testing of the array, and the acoustic holography measurements described in the following text were performed using this prototype to verify the functioning of the array. The seven-face prototype was used in subsequent in vitro MR heating experiments described in the following text. To operate the seven-face prototype, a 16-channel radiofrequency generator (Image Guided Therapy, Bordeaux, France) was used. The transducer was connected using 14 of the channels so that four elements on each face were wired in parallel. For each of the 14 channels, a matching circuit was constructed to match the electrical impedance to 50 X. This configuration allowed for complete computer control of each face of the transducer using two channels of the generator without physically changing wiring configurations.
Radiation force balance measurements were performed to measure the acoustic power output of the transducer. Measurements were performed by driving all of the elements of a single face at the same time using two channels of the generator. An absorbing target (Aptflex F21, Precision Acoustics, Dorchester, UK), suspended above the transducer, was used with a microgram balance (Model CP64, Sartorius, Germany) for the measurements, which were performed with the cooling sheath attached to the transducer in a water bath at room temperature (20 C) . The acoustic intensity levels quoted herein are the average output intensity levels at the surface of the array and were calculated by dividing the measured acoustic power output measured by the force balance by the assumed active area of each face (eight elements), which was 8 mm 2 .
B. Acoustic holography measurements
To study the acoustic output of the prototype device, the acoustic holography method 27 was used to reconstruct the source vibration for one of the prototypes. For these measurements, a hydrophone (Onda HGL-0200 with AH-2010 preamplifier, Onda Corporation, Sunnyvale, CA) was used to scan a two-dimensional (2D) plane parallel to the transducer face at a distance of 6 mm. The measurement plane was chosen to be from x ¼ À2.5-2.5 mm and y ¼ À9-9 mm with a step size of 0.1 mm. Each face of the transducer was driven using a function generator (16 Vpp, 60 cycle burst, 5 kHz PRF, HP 8116A, Hewlett Packard, Palo Alto, CA) with all eight elements in parallel, and the pressure waveforms were averaged using a digital oscilloscope (Model WS422, Lecroy, Chestnut Ridge, NY). The measured amplitude and phase in the measurement plane were used to reconstruct the amplitude and phase distribution on each face of the transducer surface, S, using the Fourier method. 28 With this method, the spatial spectrum pressure Pðk x ; k y ; zÞ on the transducer surface S can be found by multiplying the measured pressure field Pðk x ; k y ; z m Þ by a propagator function
where k ¼ w=c is the wave number, and k x and k y are the components of the wave vector in the x and y directions. The spatial spectra and corresponding pressure fields are then related to each other via the two-dimensional Fourier transform
pðx; y; zÞe Àiðk x xþk y yÞ dxdy;
pðx; y; zÞ ¼ 1 ð2pÞ
Pðk x ; k y ; zÞe iðk x xþk y yÞ dk x dk y :
Because the inverse problem is ill-posed due to possible exponential growth of errors, the region of interest was restricted by only the radiation circle so that the values k x and k y satisfy the expression:
Calculations were performed using 2D fast Fourier transform with additional zero padding of measurement results.
In the case of high frequency holography measurements as performed herein, two difficulties arise. First, due to a large scanning grid and a relatively long scanning procedure (here, the scan time was approximately 3 h), it is necessary to avoid changes in the speed of sound due to temperature changes of the water. This problem can be solved by using a large water tank or using temperature control tools. Second, at higher frequencies, errors of relative positioning of the measurement plane and the transducer surface are increased relative to a wavelength. In the case of significant errors, special methods can be applied in the reconstruction process. 29 If the angular deviation is less than %2 , a simple algorithm can be used to achieve an optimal reconstruction: A small phase correction can be applied to the measured results by adding a small value of ky tanðh 1 Þ along the y axis and kx tanðh 2 Þ along the x axis before the reconstruction where h 1 and h 2 are the angle of inclination between the measurement plane at z m ¼ 6 mm and the reconstruction plane at z ¼ 0 mm. This method was used to achieve an optimal reconstruction of the transducer in the results shown.
C. MRI heating experiments
Measurements of the temperature rise during heating using the seven-face prototype were performed in a 1.5 T clinical MRI (Signa Excite, General Electric Medical Systems, Milwaukee, WI). An experimental apparatus was built to hold the sample and ultrasound probe in a standard birdcage style head imaging coil. An echoplanar gradient echo sequence (echo time ¼ 40 ms, repetition time ¼ 575 ms, field of view ¼ 240 Â 240 mm, acquisition matrix ¼ 128 Â 128, slice thickness ¼ 3 mm, voxel size ¼ 1.875 mm Â 1.875 mm Â 3 mm) was used to acquire seven imaging planes, each oriented perpendicular to the probe and centered in the middle of the active array, for three-dimensional coverage of the heated volume. An acquisition of complex image pairs in this 3D volume was obtained every 5.5 s during heating. The acquired images were processed using custom software written in MATLAB (Mathworks, Natick, MA). The proton resonance frequency (PRF) method 30 was used to calculate temperature changes in the sample during heating using a PRF coefficient of À0.01 ppm/ C. Complex phase subtraction 31 was performed for each image pair in time, and phase drift was corrected for by subtracting the phase from an unheated region in each sample. Temperature images were additionally masked using a threshold criterion based on the magnitude of the first acquired image set in the EPI sequence and were overlaid on either magnitude images taken from the same EPI sequence or on high resolution T1-w anatomical images acquired in the same imaging planes. The ultrasound generator was placed outside of the faraday cage in the MR control room, and 14 9 -m coaxial cables connected the generator to the matching network, which was placed on the floor next to the treatment bed. Each of the coaxial cables was grounded to the faraday cage at entry into the MR room. The pump for circulating cooling water for the transducer was placed in the console room, and 2 10 -m tubes connected the cooling circuit to the probe. Heating experiments were performed using a 100 ml, 5-cm diameter, 18% BSA gel phantom 32 and fresh, degassed bovine brain samples. The samples were placed in a water bath at room temperature for experiments.
D. Numerical modeling
Both acoustic and thermal modeling of the device was performed to observe the variations in heating and lesion size with changes in operating parameters. Acoustic modeling was first performed by numerical solution of the Rayleigh integral with a spatial discretization for the surface of the transducer of 50 lm and a pressure attenuation coefficient, a, as shown in Table I . Thermal modeling was performed by numerical solution of the Bioheat Equation using a finite difference scheme
where T is the temperature of the tissue, T 1 is the ambient temperature of the tissue, C is the specific heat of the tissue, k is the thermal conductivity, Q is the heating due to absorption of ultrasound in tissue (Q ¼ bap 2 =qc), and w is the mass flow rate of blood in tissue and b is the ratio of absorption to attenuation, which was assumed to be equal to one in all simulations performed herein. The parameters used in simulations are specified in Table I . Numerical simulation of Eq. (4) was performed using a Crank-Nicolson method with a spatial grid of 0.25 mm and a temporal step of 33 ms. The simulated temperature measurements were additionally spatially averaged over the discretization grid to a size of 1.75 Â 1.75 Â 3 mm for better comparison with the MR-derived temperature, where the voxel size was significantly larger (1.875 Â 1.875 Â 3 mm) than the 0.25 Â 0.25 Â 0.25 mm spacing used in simulations.
Simulations were first performed incorporating the results from acoustic holography measurements to compare the heating induced by an "ideal" transducer with the actual measured boundary condition. Following these simulations, additional simulations were performed in tissue phantoms and ex vivo tissue to compare with experimental results from heating experiments in the MR. Finally, in vivo simulations were performed to estimate the size of lesions that can be produced with the applicator. For in vivo simulations, the thermal dose was used to estimate the extent of the lesion size
where t 43 is the thermal dose in equivalent minutes at 43 C, T is the average temperature during the time step Dt, and R is a constant equal to 0.5 at temperatures above 43 C and equal to 0.25 below 43 C. Lesion sizes were estimated and compared using a threshold of t 43 ¼ 50 or 240 min. While t 43 ¼ 240 min is conventionally used in HIFU therapies in many organs, a lower threshold has been reported in the brain by several groups with values of t 43 ¼ 17-60 min. 18, [35] [36] [37] [38] Values of 50 and 240 min were used to compare the difference in lesion size when using two different threshold values.
III. RESULTS

A. Acoustic holography measurements
An example of the measured amplitude and phase for one face of one applicator and the results after reconstruction of the source vibration using the acoustic holography method are shown in Fig. 2 . A small angular correction was applied to the measured phase as described in Sec. II, using values of h 1 ¼ 0 and h 2 ¼ 0.85 C for the face shown. This measurement and reconstruction process was repeated for each of the 3 faces of one of the three-face prototype transducers to study the output of the device and was subsequently used to simulate the pressure along the axis perpendicular to the transducer as shown in Fig. 3 . It can be observed that there is slightly more energy output from the elements in the center of the actual transducer than for the "ideal" case where the energy is distributed evenly over all of the elements. This same effect was observed for all of the faces of the transducer measured and appeared to be inherent in the construction of the applicator.
The calculated pressure distributions from reconstruction of the surface vibration were subsequently used as an input to Eq. (4) to simulate the effect of this uneven power output on the heating distribution using the parameters for an 18% BSA gel phantom, Table I . An acoustic power of 32-34 *A range of parameters for the attenuation and mass flow rate were used in the additional simulations shown in Fig. 8 
FIG. 2. (Color online)
The measured amplitude (a) and phase (c) at a plane 6 mm in front of one face of the transducer. The measurements were used to reconstruct the amplitude (b) and phase (d) at the transducer surface using Eqs.
(1) to (3). All eight elements of one of the transducer face can be observed in the reconstructed amplitude shown in (b).
1.6 W (20 W/cm 2 equivalent surface intensity) was used, and the resulting temperature distributions showed a slightly higher temperature for the transducers with uneven energy distribution and led to a maximum temperature rise of 8.9 C (ideal) and 10.6 C for the simulations of the transducers using a "nonideal" vibration as the source boundary condition. Simulations for the other two faces (not shown) resulted in a similar enhancement of heating due to increased output by the center elements and also showed that the maximum temperature for a single face shifted slightly from the center during heating along the transducer axis. Despite these small differences, the simulations using the seven-face applicator (used in MR heating tests in the following text) were performed assuming the ideal transducer vibration because all faces of the seven-face transducer were not measured using the acoustic holography method.
B. MR heating tests
The MR compatibility of the device was studied using spin echo as well as using the EPI thermal sequence. On spin echo sequences, there was no artifact observed. On the EPI sequence, there was a small artifact that extended approximate 1 pixel (1.875 mm) from the transducer in the active region and up to several pixels on the sides next to the active section for a maximum artifact of 10 mm. A magnitude image from the EPI sequence is shown in Fig. 4 in the planes along the transducer (a) and perpendicular to it (b). The small artifact in the active region permitted imaging of the temperature within %2 mm of the transducer face.
Heating was performed in tissue-mimicking phantoms using MR thermometry to monitor the temperature rise and was compared with numerical simulations. Three different heating configurations were tested and are shown in Figs. 2(b) and 2(d) . The two pressure distributions were further used as an input for modeling the heating in a simulated tissue phantom using Eq. (4). An equivalent acoustic power of 1.6 W (20 W/cm 2 average surface intensity) was used and a heating duration of 120 s was simulated. At the end of the heating, the maximum temperature rise with the prototype transducer was slightly higher (þ10.6 C) than with the "ideal" transducer (þ8.9 C).
FIG. 5. (Color online)
In vitro heating patterns of the device measured using MR thermometry and simulated using the numerical model. Measurements were performed in a 1.5 T MRI using a seven-slice gradient echo echoplanar sequence with a slice spacing of 3 mm and a voxel size of 1.875 mm Â 1.875 mm Â 3 mm. The probe was inserted into a 5-cm diameter, 18% BSA gel phantom for experiments. The calculated temperature maps for three slices centered at the active section of the probe are overlaid on the magnitude image acquired during the same sequence. Three different heating profiles are shown using: One face (20 W/cm 2 , 120 s), two faces (20 W/cm 2 , 120 s), or three faces (20 W/cm 2 , 120 s) of the transducer. Note that the various faces were activated electronically and no rotation of the probe was performed between experiments. The maximum temperature rise obtained in each slice for the model and measurement are shown in the corner of each image. and three faces firing for 120 s. In all three cases, the surface intensity was 20 W/cm 2 . The maximum temperature rise in each case was þ12 C (one active face), þ12 C (two active faces), and þ13 C (three active faces) for the experimental data. The experimental data were compared with numerical modeling of the same conditions and are also shown below each experimental measurement for three different imaging planes oriented perpendicular to the axis of the applicator and centered at the middle of the array. The maximum temperature rise for the simulated result (averaged over the size of the MR voxel) was þ10 C (one active face), þ12 C (two active faces), and þ14 C (three active faces) and was in good agreement with experimental measurements. The general form of the heated zone measured on MRI was also in good agreement with the numerical model indicating that heating by the transducer could be well-predicted using the numerical model.
Heating was also performed in degassed ex vivo bovine brain samples at a higher output intensity of 30 W/cm 2 for 240 s. The results are shown in Fig. 6 . The maximum temperature rise in experiments was þ 29 C. The experiments were performed to demonstrate the possibility to reach therapeutic temperature levels with the applicator and to monitor temperature changes with the MRI. The higher temperatures induced agree well with the fact that the absorption in brain is expected to be approximately 1.5Â higher in bovine brain than in the tissue-mimicking gel phantoms and that the output intensity here was also 50% greater. Simulations were also performed using the parameters in Table I and resulted in a similar magnitude of temperature rise of þ32 C, although it can be observed that there is more discrepancy between the simulation and the measurement due to the inhomogeneity of the brain tissue sample.
C. Numerical simulations of heating using brain tissue parameters
Numerical simulations of heating were performed using the acoustic and thermal properties of human brain shown in Table I . The results of simulations are shown in Fig. 7 , which shows the estimated thermal lesion after heating using an output of 30 W/cm 2 for 240 s with all elements of the device operating simultaneously. A depth of >15 mm is reached during this heating duration and the estimated maximum temperature reached is 95 C. Additional simulations were performed at a lower intensity of 20 W/cm 2 and demonstrated that a 15 mm treatment depth can also be reached at a lower output level, but a longer heating duration is required of more than 9 min. The simulated lesions are plotted with two different thermal dose thresholds of t 43 ¼ 50 and 240 min. The results show that the difference between the two lesion thresholds results in only %1-mm difference using these two different dose thresholds, indicating that there is relative insensitivity to the dose used in the evaluation of the final lesion size under these operating conditions.
Additional numerical simulations of heating using a range of brain tissue parameters are presented in Fig. 8 . In these simulations, it was assumed that the applicator was operating with all 56 elements active at a frequency of 6 MHz and at an output surface intensity of 30 W/cm 2 , similar to the results shown in Fig. 7 . In contrast to using a fixed attenuation, perfusion, and heating duration as shown in the results plotted in Fig. 7 , the result of varying these parameters was investigated.
In Fig. 8(a) , the effect of variations in the tissue attenuation and heating duration was first considered. The mass flow rate, accounting for perfusion in the tissues, was maintained constant at w ¼ 10 kg/(m 3 Ás) and simulations of heating were performed using a range of tissue attenuation coefficients, a ¼ 2-6 dB/cm, that correspond approximately to the range reported in the literature for the brain. 33, 39 The maximum temperature reached is shown and is plotted for heating durations of up to 600 s. The plots show that as the attenuation coefficient is increased, the maximum temperature reached for a given heating duration increases. At a ¼ 2 dB/cm, the maximum temperature reached is 75-80 C after 600 s of heating. As the attenuation is increased to 6 dB/cm, a maximum temperature of greater than 95 C is reached in less than 60 s of heating.
In addition to the maximum temperature, the time required to obtain a lesion with a depth, R max , of 10 mm (dashed line) and 15 mm (solid line) is plotted in Fig. 8(a) . These curves demonstrate that although the maximum temperature increases with attenuation, the time required to create a lesion with a given depth is relatively insensitive to the value of attenuation. At an attenuation of 2 dB/cm, the time required to create a lesion with a depth of 10 mm is 90 s while 240 s is required to reach a depth of 15 mm. As the attenuation is increased to 6 dB/cm, the time required is 60 s for R max ¼ 10 mm while a temperature of >95 is reached before a depth of 15 mm is reached. This demonstrates that the applicator would have to either be operated at a lower output power level (i.e., surface intensity of <30 W/cm 2 ) to achieve a 15 mm depth lesion or a strategy for pulsing the heating with a duty cycle of <100% would have to be implemented to avoid reaching boiling temperatures.
In Fig. 8(b) , a plot similar to that shown in Fig. 8(a) of maximum temperature and time required for lesion formation is plotted with a varying range of perfusion rates, w, ranging from no perfusion to a value twice that used for the simulation shown in Fig. 7 . The output intensity was kept constant at a value of 30 W/cm 2 , and all elements of the transducer were assumed to be active with a fixed attenuation coefficient of a ¼ 3.7 dB/cm. The results demonstrate that as the perfusion is increased, the maximum temperature reached within a given heating duration quickly decreases. Interestingly, the estimated time required to create a thermal lesion with a depth of 10 mm remains relatively constant across the range of mass flow rates used in simulations while the time required for a lesion with a depth of 15 mm increases from 2 min to more than 5 min, indicating that perfusion has a large effect on the time required to create lesions at depth.
IV. DISCUSSION AND CONCLUSIONS
This study demonstrated the preliminary feasibility of using a 56 element, 4.8-mm diameter interstitial ultrasound applicator for MR-guided thermal ablation in the brain. The device allows for the possibility to perform electronic control through selection of power of each of the elements in both the plane oriented along the probe axis and in the plane perpendicular to the applicator, allowing for the possibility of heating with increased spatial control as compared to existing applicators.
In the first part of this work, the acoustic holography method was used to reconstruct the source vibration to verify that the device was functioning properly. When the source was reconstructed, it was observed that the elements at the center of each of the faces tended to have slightly higher outputs than the elements at the edges, resulting in a higher expected maximum temperature rise when a single face was excited in parallel. Upon further testing of the array, it was found that the electrical impedance of the elements tended to vary regularly along a face and could potentially explain the variation observed in acoustic output. If the variation is attributable to differences in electrical power and not electroacoustic efficiency between the elements, the array output could be normalized by using separate channels for each of the 56 elements of the array (such a system is currently in development). Nevertheless, the results from the acoustic holography method show that this method can be used to better understand the functioning of high frequency arrays, which can be important when operating such devices as the generator system, and electronics components, and device construction can all lead to deviations in the expected output of the individual array elements.
The MR compatibility of the device in the tests performed using a 1.5 T clinical scanner were excellent, in particular near the active face of the array. This aspect of the device is important as the maximum temperature rise occurs In (a), the mass flow rate was assumed to be constant, w ¼ 10 kg/(m 3 Á s), while the attenuation was varied from a ¼ 2-6 dB/cm. In (b), the attenuation was assumed to be constant, a ¼ 3.7 dB/cm, while the mass flow rate was varied from w ¼ 0-20 kg/ (m 3 Á s). The maximum temperature reached during heating durations from 0 to 600 s is shown in both plots as well as the time required to create lesions with a depth, R max , of 10 mm (dotted line) and 15 mm (solid line) assuming a thermal dose threshold of t 43 ¼ 50 min. The parameters used for the results shown in Fig. 7 are indicated by a cross (Â) in each plot. within 4-6 mm of the face of the array (see Figs. 5 and 6 ). The maximum temperature in the field must be accurately monitored in this area to avoid the possibility of inducing temperatures of over 100 C and tissue boiling during a treatment, 40 which could potentially pose a risk to the patient and distort significantly the extent of the desired thermal lesion. Although the maximum temperature rise measured here was well below boiling (þ29 C, which would be 66 C in vivo), the absorption in a tumor, 39 reflections from nearby skull bone, or activation of several or all faces at the same time (as shown in Figs. 7 and 8 ) could result in heating to >100 C. The excellent MR compatibility of the device ensures that heating can be adequately monitored in real time so that thermal ablation can be performed more safely with the device.
The clinical goal of this project is to develop a device that can be used for ablation in brain at depths of more than 15 mm so that tissue masses on the order of 30 mm in diameter can be treated; this is similar to the range of ablation that has been reported in LITT treatments. 2 To demonstrate that our array has this capability, we first performed in vitro measurements to compare numerical simulations with experimental results and then used the model to predict the size of lesions that may be expected in vivo.
The results of heating tests in gel phantoms, shown in Fig. 5 , demonstrated the basic principle of spatial control that can be achieved with the prototype device. During this experiment, the device was not mechanically rotated and instead heating was performed by selecting various configurations of elements (in this case entire "faces" of eight elements) through software control. In principle, through appropriate selection and control of the duration and intensity of heating in each angular direction, the temperature rise induced and the subsequent lesion depth can be varied.
Given the uncertainty of the exact in vivo physical parameters in brain tumors, additional numerical simulations were performed using a range of values for the attenuation and perfusion parameters used in the model to demonstrate that the applicator can be used to treat tumors with diameters of greater than 30 mm. These simulations demonstrated that the applicator is capable of generating a temperature rise of greater than 70 C and lesion depths of >15 mm during heating durations of less than 10 min. Future experiments in vivo are planned with the current applicator to verify the results of these simulations.
One limitation of the current design is that with a sevenface multi-faceted planar design, the angular directivity that can be achieved is limited to 360 /7 (51 ), thus the thermal lesion resulting from heating in a continuous region around the applicator is expected to have an inhomogeneous border (as shown in Fig. 7 ). To overcome this limitation when using this type of applicator in clinical use, the existing device could be used with a small manual rotation system (with only two fixed positions for example), and the applicator could be rotated once by the surgeon to complete the treatment if a more homogeneous legion or finer control was desired at the border.
Alternatively, based on the promising results with the present device, various configurations of the device design are being explored in numerical simulations that may result in a more homogeneous distribution of the lesion. For example, because the transducer is piezocomposite, it has additional bandwidth that could be exploited for tailoring the lesion shape. The transducer, though operated at 6 MHz, could in theory be operated from 4 to 8 MHz, and thus a different frequency or even a multi-frequency approach 41 could be investigated in more detail for our device and may provide better heating distributions for certain tumor geometries.
